Abstract. For radiation therapy with carbon ion beams, either of the stable isotope 12 C or of the radioactive one 11 C, it has been demonstrated that the β + -activity distribution created or deposited, respectively, within the irradiated volume can be visualised by means of positron emission tomography (PET). Those PET images provide valuable information for quality assurance and precision improvement of ion therapy. Dedicated PET scanners have been integrated into treatment sites at HIMAC (Japan) and GSI (Germany) to make PET imaging feasible during therapeutic irradiation (in-beam PET). A similar technique may be worthwhile for radiotherapy with high-energy bremsstrahlung. In addition to monitoring the dose delivered which in-beam PET has been primarily developed for, it may be expected that radiation response of tissue can be detected by means of in-beam PET. We investigate the applicability of PET for treatment control in case of using bremsstrahlung spectra produced by 15 -50 MeV electrons. PET target activation due to (γ, n) reactions at energies above 20 MeV yields moderate β + -activity levels, which can be employed for imaging. The radiation from positrons produced by pair production is not presently usable because the detectors are overloaded due to the low duty factor of medical electron linear accelerators. However the degradation of images caused by positron motion between creation and annihilation seems to be tolerable.
Introduction
During the last decades enormous improvements of the optimisation of tumour radiation treatment have taken place (Brahme 2000 , Brahme et al. 2001 , Webb 2001 . The challenge of all kinds of radiotherapy consists in destroying the tumour without damaging normal tissue. Therefore, the development of 3D conformal radiotherapy (CFRT), where the radiation field is geometrically shaped according to the volume of the tumour, is one of the major achievements in the field of radiotherapy especially with photons. The most advanced form of photon CFRT is intensity-modulated radiation therapy (IMRT). Here, in addition to the geometrical shaping the intensity is modulated across the radiation field. A further advance is to couple the treatment unit with a high-resolution imaging system in order to avoid uncertainties in the process of treatment planning and dose delivery. For this so called image-guided radiation therapy (IGRT) the treatment beam may be used for megavoltage computed tomography (CT) of the tumour. This method suffers from the poor detection efficiency of X-ray detectors in the MV energy range. An alternative is the use of conventional CT scanners integrated in the beam delivery system (Jaffray et al. 2002) . The price to pay for the high-quality imaging is, however, an additional radiation burden to healthy tissue.
Another possibility is positron emission tomography (PET), which plays an increasingly important role as a diagnostic method for supporting radiation therapy (Brahme 2003) . Applying appropriate radio tracers PET is capable of quantifying the metabolic activity of tissue and provides, therefore, information for a precise target definition during radio-therapeutic treatment planning and for monitoring the tumour response during and after the treatment. However instead of radio tracers, positron emitters produced by the treatment beam in the irradiated tissue can be used for imaging. Thus, a combination of an in-beam PET and a radio-therapeutic treatment unit offers a unique possibility of a three dimensional in situ and non-invasive dose delivery monitor, which allows the irradiation field position to be controlled and local dose deviations from the treatment plan to be quantified (Enghardt, et al. 2004a) .
So far this technique has only been investigated for radiotherapy with heavy ions (Llacer 1988 , Urakabe et al. 2001 , Enghardt, et al. 2004c ) and with protons, see e.g. (Oelfke, et al. 1996 , Litzenberg et al. 1999 , Parodi & Enghardt 2000 , Parodi et al. 2002 , Parodi et al. 2005 . In-beam positron emission tomographs for clinical application have been installed at the experimental 12 C ion therapy at the Gesellschaft für Schwerionenforschung (GSI), Darmstadt, Germany (Enghardt et al. 1999) as well as at the medical radioactive beam line of the Heavy Ion Medical Accelerator at Chiba (HIMAC), Japan (Iseki et al. 2003) . The clinical application (Enghardt et al. 2004c) has demonstrated the potential of in-beam PET for quality assurance and precision enhancement of particle therapy. In particular in-beam PET is capable of revealing deviations between the planned and the actually administered dose distribution. The most essential reason for such deviations in ion therapy are discrepancies in the particle range due to (i) inaccuracies of the physical beam model applied to treatment planning, (ii) minor positioning errors, and (iii) local modifications of the density distribution relative to the planning CT, which may occur over the several weeks of fractionated radiotherapy. On that experience in-beam PET is expected to have also a considerable potential for improving the precision of therapy with high-energy photon beams (Brahme 2003) .
It is the aim of this paper to investigate the feasibility of PET imaging with the treatment beam as the source for the positrons thus avoiding additional radiation burden. There are two sources of positrons in the interaction of photons with tissue. Pair production is the process with the dominating cross section at photon energies above 10 MeV, photons above 20 MeV also produce positron emitters via photonuclear reactions in (γ, n) reactions which are mainly 11 C and 15 O with half-lives of T 1/2 = 20.38 m and T 1/2 = 2.03 m, respectively. Medical linear accelerators have a typical duty factor of 10 −3 with pulses 5 µs duration at 5 ms intervals. It is expected that during the accelerator pulses there will be a high counting rate from pair production and between the pulses and after the treatment a more moderate counting rate from the de-excitation of the positron emitters.
The maximum kinetic energy, E e ≤ E γ − 2 m e c 2 , of the positrons from pair production is, up to the two electron masses 2 m e c 2 produced, given by the upper limit of the bremsstrahlung spectrum and the positrons may thus travel appreciable distances before they annihilate nearly at rest. This degrades the spatial resolution which can be achieved by a positron camera which detects this type of radiation. In contrast, the positrons emitted by 11 C and 15 O have maximal energies of 1.0 and 1.7 MeV, respectively. This is low enough to avoid a distinct downgrading of the resolution.
In this paper we investigate some of the problems related to a possible application of PET imaging during photon therapy by performing simulation calculations on the basis of Geant4 (Agostinelli, et al. 2003) . Both the positrons stemming from positron emitters and those originating from pair production are considered. In section 2 we describe the simplified geometrical arrangement used for simulating the energy distribution of a bremsstrahlung spectrum at various beam energies and the PET target for which the distributions of dose, of positron emitters produced via (γ, n) reactions as well as of the positrons from the pair creation process are calculated. Section 3 describes the results of (γ, n) reaction and section 4 describes those of pair creation. Conclusions are drawn in section 5.
The geometrical layout
In the calculations a mono-energetic electron beam with energies of 15, 18, 21 or 50 MeV penetrates a 1 mm thick tungsten layer and produces bremsstrahlung radiation. Any electrons leaving the radiator target are then absorbed in 5 cm iron. This iron absorber changes the energy distribution of the bremsstrahlung; it hardens the photon spectrum at the low electron beam energies, whereas the spectrum becomes softer for 50 MeV incident electrons (see figure 1 ). Pair production removes highenergy photons from the beam while Compton scattering only slightly diminishes their energies, since at high photon energies forward scattering dominates. The energy distributions of gamma rays after the absorber shown by the lower curves in figure 1 are used for the following considerations. Only for 50 MeV are the results from both the soft and the hard bremsstrahlung spectrum compared since there are plans for Table 1 . The density ρ and stoichiometric composition of the materials used in the calculations given as "atomic number: fraction by weight" (ICRU 1993 designing a 50 MeV medical electron linear accelerator where a magnetic field instead of the iron absorber will be used for removing the electrons (Brahme et al. 2001) . Such a magnetic separation of the primary electrons from the photon beam is mandatory for 50 MeV electron beams to avoid the rather high fluence of secondary electrons from a passive electron absorber reaching the patient. A parallel beam with dimensions 4 × 4 cm 2 is formed from the gamma ray production by randomly selecting the start position of each photon and fixing its direction accordingly. This beam enters a 9 × 9 × 25 cm 3 PET target, which consists of either adipose tissue, air, bone, brain, muscle or polymethyl methacrylate (PMMA). Their stochiometric compositions are summarised in table 1. In order to investigate a possible use of positrons from pair production for imaging, a water target is used with a 1 × 1 × 1 cm 3 phantom placed in its centre consisting again of the above materials. This arrangement was chosen for investigating if a PET camera is able to resolve such a structure (see section 4).
Number of positrons and positron emitters
In a first step the energy deposit is calculated for the different materials. The resulting depth profiles for the lowest and highest electron energies considered are shown in figure 2. They exhibit the expected behaviour with the greater energy deposit for the denser materials at the higher energies due to the photon energy dependence of the relevant cross sections: the pair creation probability increases with energy whereas the Compton cross section decreases. There are only moderate changes if one compares the results from the soft and the hard bremsstrahlung spectra at 50 MeV seen by a slight shift of the dose maximum towards larger penetration depth.
Together with the dose distributions from figure 2 the distributions of the number of positrons created by pair production and of positron emitters ( 11 C, 15 O) produced in (γ, n) reactions per photon incident on the PET target are calculated. The ratios of these curves are shown in figure 3 and yield the numbers per dose and per volume. They are referred to as production density in the following. As can be seen from figure 3, pair production is the dominating process and depends only weakly on the beam energy, while there are significant differences between the materials adopted. On the other hand the cross section of the (γ, n) reaction is strongly energy dependent in the energy range considered (note the curves for 15 O production at 21 MeV are multiplied by a factor of 10). The (γ, n) reaction threshold energies for 12 C (18.72 MeV) and 16 O (15.66 MeV) differ considerably. This explains the higher production rates for 15 O compared to 11 C. The number of positron emitters is rather sensitive to the atomic composition of the materials in accordance with their 12 C and 16 O content. Also the production rates of positron emitters for the hard bremsstrahlung spectrum at 50 MeV are significantly higher than for the soft spectrum (see also tables 2 and 3). It should be noted that the distributions of both the numbers of positrons produced as well as of positron emitters are approximately proportional to the dose distribution except at the entrance regions with their low dose delivery due to the dose build-up effect. This is in contrast to the situation in ion therapy (Enghardt et al. 2004c) where the depth distributions of dose and activity differ considerably. It should be noted however, that these results are in contradiction to measurements (Persson et al. 2004) , where the β + -activity density has been found to be proportional to the dose even within the build-up region.
From the production densities n of 11 C and 15 O nuclei (see figure 3 ) the corresponding activity densities α = λ n with decay constant λ and half-live T 1/2 related by λ = ln(2)/T 1/2 are derived by taking into account the half lives of T 1/2 = 20.38 m and T 1/2 = 2.03 m for 11 C and 15 O, respectively, and neglecting any time structure of the electron beam. The activity density α averaged over the PET target region irradiated by the 4 cm × 4 cm photon beam is gathered in table 2 for the energies and materials considered. The strong increase of α with energy for all and α ≈ 600 Bq Gy −1 cm −3 were found respectively (Enghardt et al. 2004a ) photons produced with electron energies of 21 MeV produce a comparable α and for 50 MeV α is considerable higher. Table 3 lists the mean numbers N P of positron emitters per Gy and cm 3 , which are produced in the various materials under the assumption that the dose is delivered within a time of 100 s. The number of β + decays which are given for the time of irradiation and an additional time period of 100 s after irradiation is decisive for Table 3 . Mean numbers N P of positron emitters per Gy and cm 3 produced between 2.5 and 20 cm depth in the irradiated PET target region of 4 × 4 cm 2 and numbers of β + decays N 1 (t 1 = 100 s) = N P {1 − (1 − exp(−λt 1 ))/λt 1 } and N 2 (t 2 = 200 s) = N P − (N P − N 1 ) exp[−λ(t 2 − t 1 )] during t 1 = 100 s irradiation and additional 100 s after the irradiation. Decay constant λ and half-live T 1/2 are related by λ = ln(2)/T 1/2 with T 1/2 = 20.38 m and T 1/2 = 2.03 m for 11 C and 15 O, respectively. The two lines at 50 MeV correspond to the soft and the hard bremsstrahlung spectra (see figure 1) .
Energy 21 MeV 50 MeV
Material Isotope imaging. From these numbers a rough estimate of the statistical errors of a PET image can be given. If one assumes a dose of 1 Gy, a voxel size of 2 mm and a solid angle of 1/4 of the full 4 π sr, the numbers in table 3 have to be scaled with the factor 1/4 × 2 × 2 × 2 mm 3 /1 cm 3 = 2 · 10 −3 . For the numbers of β + decays typical for 50 MeV which is of the order of 10 5 per cm 3 and taking a detection efficiency of 20 % due to γ-ray attenuation into account this results in more than 40 counts per voxel. This corresponds to a statistical error of the order of 15% and should be sufficient for applying PET imaging on the basis of positron emitters produced in practice.
In order to test the feasibility of PET imaging we show in figure 4 the distribution of β + activity in a water target. In its centre a cube of 1 cm side length is located containing different kinds of tissue. Decisive for imaging are the differences in density and 16 O content between water and the tissue considered. The higher density of bone is compensated by its lower 16 O content. Thus the rather similar β + activities in brain and bone compared to water make imaging rather difficult, while adipose and air should be quite visible.
Finally it should be noted, that the results for the production of positron-emitters are model dependent. Only the total γ-nucleus cross sections are experimentally well known in the energy region of interest, while the population of the various exit channels is calculated in Geant4 on the basis of the chiral invariant phase space model (Degtyarenko, et al. 2000a , Degtyarenko, et al. 2000b , Degtyarenko, et al. 2000c ).
Positrons from pair production
In this section we consider the question of whether it is possible to image anatomical structures by measuring positrons from pair production in a positron camera to get a method for controlling the positioning of the patients. Since these positrons have high initial energies they may travel appreciable distances before they annihilate at rest. This effect degrades the resolution of the image. The distances between the space points of positron creation and annihilation for the lowest energy and for the 'worst' case of the bremsstrahlung spectrum created by 50 MeV electrons under conditions described in section 2 are shown in figure 5 for various species of tissue. Since the positrons are mainly produced in the forward direction, we distinguish between the projections parallel and transverse to the direction of the incoming beam. As expected, the transverse distribution is symmetric to zero and much narrower than the longitudinal distribution, which shows a strong asymmetry. Further, the RMS values listed in figure 5 indicate that the mean distances between the creation and annihilation points increase with increasing energy of the photons and with decreasing density of the material considered.
In figure 6 the distributions of production and annihilation points of positrons in the same PET target as described in the previous section is shown. The dropping of the annihilation points towards the boundary of the photon irradiated region is caused by the relatively long range of positrons. From the different density of annihilation points in the various materials it can be concluded that, in spite of the broad distributions of figure 5, an imaging of anatomic structures on the basis of PET should be possible, because the positions of steep density gradients can be localised. It should be stressed, however, that here the image is no longer dominated by the material dependence of the production cross section alone, as it was the case for the (γ, n) reaction discussed in section 3. In fact, the image results now from a superposition of the material dependence of both the pair creation and the positron annihilation cross sections in combination with the energy dependence of the mean free path of the produced positrons. This is demonstrated in figure 6 by showing separately the contributions to the annihilation density from positrons produced within the bone cube and those produced outside. The larger contributions come from positrons produced outside, and it is the similar density dependence of both the production and annihilation cross sections which make an imaging possible even in longitudinal direction with its more extended positron movement. The production rate of positrons is estimated according to the following assumptions: From figure 3 the number of positrons per dose produced in PMMA is derived to amount to about δ ≈ 2 × 10 8 Gy −1 cm −3 . A dose of D = 1 Gy is assumed to be delivered in t = 100 s in a volume of V = 4 × 4 × 20 cm 3 = 320 cm 3 . For the duty factor a value of f = 10 −3 is taken typical for medical linear accelerators. This results in an annihilation γ-ray flux ofṄ γ = 2 δ V D/(f t) ≈ 1.2 × 10 12 s −1 and a total γ-ray number of 1.2 × 10 11 . For a single detector crystal of area A = 4 × 4 mm 2 placed at a distance of R = 400 mm we get a counting rate oḟ N A = 1/2Ṅ γ A / (4π R 2 ) ≈ 5 × 10 6 s −1 during the macro pulse of the electron beam. The factor of 1/2 results from the assumption that the positrons annihilate at rest and thus the annihilation photons reach different single detectors. The counting rate is proportional to the inverse of the duty factor f , and an increase of f decreases the counting rate accordingly. Although the PET detectors are already overloaded by the rates arising from positron annihilation at rest, it should be mentioned that the counting rate in a single detector is even higher due to photons from annihilation in flight and from Compton scattering. The results for the other materials considered are similar.
Conclusions
Photon beams (bremsstrahlung) produced from electron beams of about 20 MeV yield via the (γ, n) process in the irradiated tissue, activity densities comparable to those achieved in radiotherapy with carbon ions. Despite the rather small activity concentrations in this case, in-beam PET data would allow essential conclusions to be drawn concerning the quality of the therapy. Modern medical electron linear accelerators yield electron beams up to 20 MeV, but at present only the conversion into photons up to 15 MeV is common practice.
The activity produced via photon irradiation is proportional to the dose deposited, except in the entrance region due to the dose build-up effect. This opens the possibility of implementing a dose monitoring on the basis of the registered β + -activity density. An increase of the electron energy up to 50 MeV, especially in combination with a thin radiator target and the magnetic separation of the photons from the primary electron beam, leads to β + activity densities, which achieve the order of magnitude common in nuclear medical PET tracer imaging. Via the (γ, n) process the positron emitters 11 C and 15 O with half-lives of T 1/2 = 20.38 m and T 1/2 = 2.03 m, respectively, are produced. These strongly different half-lives produce a considerable activity contrast between tissue with different C/O ratios (e.g. adipose/muscle). This should allow the mapping of anatomic structures in PET images and, consequently, the control of the position of the patient during the irradiation.
The separation of the PET signals provided by the produced β + activity from the high background during the beam macro pulses is necessary and should be possible due to the duty factor of 10 −3 by applying the technique developed for in-beam PET in ion therapy (Enghardt, et al. 2004b , Crespo et al. 2005 . Clearly increased counting statistics and a higher tissue contrast would be possible by PET imaging on the basis of the positrons stemming from pair production. This is, however, prevented by the overloading of the PET detectors by the annihilation and scattering radiation during the macro pulses of the accelerator. Future medical accelerators with possibly higher duty factors should then allow to combine in-beam PET on the basis of pair creation and of positron-emitter production with its different sensitivities with respect to the density and element composition of the tissues irradiated.
